Abstract: Photoacoustic computed tomography (PACT) holds great promise for biomedical imaging, but wide-spread implementation is impeded by the bulkiness of flash-lamp-pumped laser systems, which typically weigh between 50 -200 kg, require continuous water cooling, and operate at a low repetition rate. Here, we demonstrate that compact lasers based on emerging diode technologies are well-suited for preclinical and clinical PACT. The diodepumped laser used in this study had a miniature footprint (13 × 14 × 7 cm 3 ), weighed only 1.6 kg, and outputted up to 80 mJ per pulse at 1064 nm. In vitro, the laser system readily provided over 4 cm PACT depth in chicken breast tissue. In vivo, in addition to high resolution, non-invasive brain imaging in living mice, the system can operate at 50 Hz, which enabled high-speed cross-sectional imaging of murine cardiac and respiratory function. The system also provided high quality, high-frame rate, and non-invasive three-dimensional mapping of arm, palm, and breast vasculature at multi centimeter depths in living human subjects, demonstrating the clinical viability of compact lasers for PACT.
Introduction
Photoacoustic (PA) computed tomography (PACT) has emerged as a novel imaging modality that provides high resolution imaging of optical absorption in deep tissue [1] [2] [3] [4] [5] [6] . Over the past few years, various preclinical and clinical applications of the technique have been demonstrated, including functional brain imaging [7] , small-animal whole-body imaging [8] , breast cancer screening [9] , and guidance of lymph node biopsy [10] . To ensure efficient conversion of optical absorption into ultrasound, PACT systems typically utilize high-power nanosecond pulsed laser sources. Most of these lasers are flash-lamp-pumped with output energy ranging from tens to hundreds of millijoules (mJ). Due to the wide emission spectrum of a flash lamp, the conversion efficiency of electrical energy into laser beam energy is very low (1-2%), resulting enormous heat generation. Thus a flash-lamp-based laser requires either open-loop or close-loop water cooling and the system is complicated and bulky [11] . The pulse repetition frequency is also limited (commonly at 10 Hz or 20 Hz) due to the same heating restriction. In addition, the high excitation voltage (several kV) of a flash lamp is unsafe and may cause electrical interferences in a clinical setting. These limitations pose significant barriers to clinical and preclinical translation of the photoacoustic technique [12] . For instance, it can be difficult or impossible to install a photoacoustic instrument at a spaceconstrained clinical site, thereby impeding the ability to perform studies with clinical subjects. Smaller systems would likely improve the clinical viability of PACT. Diode pumped lasers can potentially address the aforementioned limitations. Because the emission spectrum of a laser diode is much narrower than a flash lamp, the energy conversion efficiency is much higher (>20%), which significantly simplifies the system design and reduces the size. Over the past few years, several groups have demonstrated the use of diodepumped lasers for photoacoustic imaging. For instance, Sivasubramanian et al. achieved a photoacoustic imaging speed of 7000 frames per second, which represents the current world record of high speed PACT [13] . Daoudi et al. developed the first handheld probe that integrates laser diode and ultrasound transducer into a small foot print [14] . However, because of the low pulse energy (less than a few millijoules), a common limitation of diode laser-based systems is the limited penetration depth [15] [16] [17] [18] . To circumvent this limitation, Wei et al. proposed to optically scan a narrow beam over a large region for deep tissue imaging [19] . In theory, this approach allows high intensity illumination over a large region. However, in practice, the imaging depth is limited by the system's detection limit at each scanning position: below the noise level, photoacoustic features cannot be coherently reconstructed from signals acquired at different light illumination spots. Therefore, the demonstrated imaging depth in that study was only 12 mm, which is far less than their theoretical estimation. Alternatively, Daoudi et al. [14] and Upputuri et al. [20] expanded the laser beam and tried to improve the imaging depth through averaging. They achieved 15 mm and 20 mm imaging depths, respectively. While these imaging depths could be sufficient for certain clinical applications such as imaging of rheumatoid arthritis and skin cancer, they are not sufficient for imaging solid tumors or brains. Higher power diode laser systems have also been used for deeper imaging depth, however, they either are also bulky and require the same water cooling of a flash-lamp-pumped laser [21] or have low efficiency in photoacoustic signal generation [22] .
In this study, we introduce the first use of a compact and high-power laser for deep tissue in vivo PACT. The laser, designed by Montfort Laser GmbH, has a miniature size of 13.2 (length) × 14.0 (width) × 6.5 (height) cm, a low weight of 1.6 kg, a good M 2 factor of 3, and a high pulse energy of up to 80 mJ. The pulse repetition frequency of the laser can be tuned from single pulse to 50 Hz for various imaging needs. The output wavelength is fixed at 1064 nm, which is within the near infrared window for deep tissue imaging. Compared to shorter wavelength lights (650~900 nm), the 1064 nm wavelength holds numerous advantages, including low optical scattering, high wall-plug efficiency, homogeneous signal from background tissue [23] , good absorption to oxy-hemoglobin, and a high American National Standards Institute (ANSI) [24] safety limit. These advantages have led to active developments of 1064 nm contrast agents for various imaging applications [25] [26] [27] .
Through phantom and in vivo imaging studies, we successfully detected a tube of 1064 nm contrast agent [27] embedded under 4.1 cm chicken breast tissue, imaged murine wholebody vascular structures and cardiac functions in vivo, and mapped the arm, palm and breast vasculatures of living human subjects.
Methods

Laser
The Montfort laser (M-NANO-Nd:YAG-10ns-50-INDR_PR135) used in this study [ Fig. 1(a) ] provides up to 4 W average output power. As mentioned previously, a diode pumped laser is significantly smaller than a flash-lamp-pumped laser. For better comparison, Table 1 summarizes the specifications of the Montfort laser and our flash-lamp-pumped laser (SLIII-10, Continuum, a typical light source for PACT applications). It can be seen that for the laser head, the Montfort laser occupies only 4.5% volume and 6.7% weight of the Continuum laser. As for the power supply, the Montfort laser uses a miniature AC to DC converter (100-240 VAC to 24-28 VDC), while the Continuum laser requires 200~240 VAC input and the power supply has a built-in high voltage converter and water tank, resulting in heavy weight and bulky size. Thus, the compact laser could easily overcome the space-constrained problems faced by the flash-lamp lasers, providing great flexibility for different imaging applications. In addition, the pulse repetition rate of the compact laser ranges from single pulse to 50 Hz, while the Continuum laser operates at a fixed 10 Hz repetition rate. The pulse energy of the Continuum laser is indeed higher than the compact laser. However, the increase in energy is small compared to the added weight and volume. As will be seen in the results section, sub 100 mJ output is sufficient for most preclinical and clinical imaging applications.
To identify the optimum pulse repetition rate for imaging, we measured the maximum pulse energy at eight different pulse repetition frequencies. Because the total laser output power is limited at 4 W, increasing the pulse repetition rate leads to a decrease in pulse energy [ Fig. 1(b) ]. Beyond 50 Hz, the output energy dropped very quickly and passive air cooling was not sufficient for prolonged laser operation. Thus, in this study we operated the laser at only 10 to 50 Hz. A major limitation of diode-pumped laser is the relatively poor beam quality. Fig. 1(c) shows a photograph of laser beam profiles acquired with a burn paper placed 7 cm away from the output window. The beam has an irregular shape which may cause issues when tight optical focusing is needed. Fortunately, PACT relies on diffused photons to form an image and the beam quality is less critical. To ensure uniform coupling of laser output into an optical fiber bundle, we placed an engineered diffuser at a distance 3.5 cm away from the output window (EDS-20-A-1s, RPC Photonics). As shown in Fig. 1(c) , the diffused beam has a circular profile (measured 3.5 cm away from the diffuser) and can be readily coupled into the circular input of optical fiber bundle. 
Penetration depth of PACT system using the compact laser
To quantify the imaging depth of our compact-laser-based PACT system, we imaged a tube filled with 1064 nm contrast agent [27] . The experimental procedure is similar to the one mentioned in [27] , which holds the current world record of PACT imaging depth (11.6 cm).
The phantom was made of a 5-mm-inner-diameter Tygon tube filled with 30 mM (solvent is Tween 80) phosphorus phthalocyanine (P-Pc) [27, 28] , an organic dye with strong absorption at 1064 nm (absorption coefficient is 1.02 × 10 3 cm
at 1064 nm). The experiment was performed in a 500 mL beaker. The bottom of beaker was covered with 5-cm-thickness chicken breast tissues [ Fig. 1(d) ], whose optical properties is comparable to that of human breast [29, 30] . The tube was placed on top of the tissue, and during the experiment we gradually stacked chicken breast tissues on top of the tube.
Output from the laser was routed to the top surface of chicken breast tissue through a 1.2 cm diameter circular fiber bundle (#39-371, Edmund Optics, ~50% coupling efficiency). To ensure maximum pulse energy, we used 10 Hz pulse repetition rate. Light intensity over the 1.5-cm-diameter illuminated region was around 22 mJ/cm 2 , which is below the ANSI safety limitation at 1064 nm (100 mJ/cm 2 ) [24] . PA signal of the tube was acquired by a 128-element clinical liner transducer array (ATL/Philips L7-4) with 5 MHz central frequency. The received PA signals were amplified (by 54 dB) and digitized by a 128-channel ultrasound data acquisition (DAQ) system (Vantage, Verasonics) with 20 MHz sampling rate. After each laser pulse, the raw channel data was reconstructed using the universal back-projection algorithm [31] , and was displayed in real-time during experiments.
Mice imaging
Pre-clinical imaging performance of the compact laser was demonstrated through whole-body imaging of mice. For brain imaging, because the cortex is only approximately 1 mm beneath the scalp surface, we used top illumination [ Fig. 1(e) ]. The laser light was delivered to the brain through the 1.2 cm diameter fiber bundle. The maximum light intensity at the skin surface was around 12 mJ/cm 2 , which is below the ANSI safety limitation [24] of 100 mJ/cm 2 . For trunk imaging, the animal was immersed in water and light delivery was provided by a 6-cm-diameter ring fiber illuminator (Light Source Flex Cable 12-Light RingMount, Fiberoptic Specialties) [ Fig. 2(f) ]. Along the ring, twelve circular fiber outputs (0.3 cm in diameter) are evenly distributed and are all illuminating toward the ring center at a 60° angle (along the elevation direction). During the experiment, we adjusted the height of the ring fiber to ensure that the imaged cross section receives the maximum light energy. To image different body cross sections, the animal can be translated along elevation through a motorized translation stage.
The photoacoustic signals were detected by a custom-made three-quarter ring transducer array with 128 elements and 5 MHz central frequency. The radius of the ring array was 40 mm and each element forms an elevation focus at 35 mm. Thus elevation resolution and receiving sensitivity are relatively uniform at the central 10 mm radius region [marked as the field of view (FOV) in Fig. 2(g)] [32, 33] . For both brain and trunk imaging, we used heat lamp to keep the mouse warm and we ensured that the area of interest was within the FOV. Signals from the transducer array were transmitted to the Vantage system through custommade cables and connectors. Brain, liver and kidney regions were all imaged with 10 Hz pulse repetition frequency over 50 seconds, while the heart region was imaged with 50 Hz pulse repetition frequency over 10 seconds. With matched number of DAQ channels and transducer elements, a cross sectional image can be acquired after each laser pulse. The raw data was reconstructed with the universal back-projection algorithm [31] , and processed through a vessel enhancement filter to highlight the blood vessels [34] . For visualizations in the supplementary file, we did not apply the vessel enhancement filter and did not perform any signal averaging.
Human imaging
The right arm and left palm of two male volunteers, and the right breast (B cup) of a female volunteer were imaged with the compact laser. All the experiments were performed in compliance with the University at Buffalo IRB protocol. Light delivery was provided by a bifurcated fiber bundle (SCHOTT Inc.) with a 1-cm-diameter circular input and two 5-cmlength line outputs. For photoacoustic detection, we used an ATL/Philips L7-4 liner transducer array. As shown in Fig. 2(h) , both the L7-4 array head and the fiber outputs were immersed in water while the object (palm, arm or breast) was positioned underneath the water tank and coupled with ultrasound gel. During imaging, the transducer and fiber bundles moved simultaneously while the object stayed stationary. To ensure good elevation resolution, the object was placed at the elevation focus of the transducer array (25 mm axial distance).
For arm and palm experiments, we used 50 Hz pulse repetition frequency. The excited area at the skin surface was around 5 cm by 1 cm in size and the maximum light intensity was 8 mJ/cm 2 , which is also far below the ANSI limit. To scan a 40 mm length, the experiment took 8 seconds, generating 400 two-dimensional (2D) data sets. For breast imaging, we used 10 Hz pulse repetition frequency in order to get the maximum pulse energy. The light intensity was around 14 mJ/cm 2 , which is still below the safety limit. During the experiment, transducer and fiber bundles scanned over a 75 mm region at a speed of 1 mm/s. For all human experiments, the raw-channel data was first filtered with a band-pass filter (5~8 MHz) and then reconstructed with the back-projection algorithm [31] . Stacking 2D reconstructed images along elevation formed a three-dimensional (3D) image of the object. 
Results
Phantom experiment with chicken breast tissue
To quantify the imaging depth, we gradually stacked chicken breast tissues on top of the tube [ Fig. 2(a) ] and monitored the photoacoustic signal in real time. As the tissue thickness increased, the tube's signal decreased and was eventually buried in background noise (without averaging) when the depth reached approximately 4 cm (measured with a ruler). We then stopped stacking chicken breast tissue and considered this distance as the deepest detection depth. One hundred frames were acquired at this depth, and all data were averaged to improve signal to noise ratio (SNR). The corresponding overlaid photoacoustic (color scale) and ultrasound (gray scale) image is shown in Fig. 2(b) , in which the tube is clearly visible with 18 dB SNR. Distance from tube to the transducer surface was calculated to be 4.1 cm, which is 2.1 times deeper than what was demonstrated in the previous compact-laserbased photoacoustic system (2.0 cm) [20] . Considering 50% energy loss through fiber coupling, the imaging depth could be even higher if we use fused silica optical fiber bundles (up to 80% coupling efficiency) or free-space light illumination. After one hundred times averaging, the SNR at different imaging depths was quantified using the following formula: Fig. 2(c) . As expected, the value decreases as the depth increases. This experiment clearly proved the deep-tissue imaging capability of the compact laser. 
Whole-body imaging of mice
Mice were imaged based on the endogenous hemoglobin contrast. For brain imaging, in vivo cortical vascular was imaged through intact scalp. To improve the SNR, we averaged 10 frames without significant head movement. The averaged image [ Fig. 3(a) ] clearly shows major cortical vessels, including the inferior cerebral vein (ICV), superior sagittal sinus (SSS), transverse sinus (TS), and confluence of sinuses (Cos). Small cortical vessels [labeled as 1 in Fig. 3(a) ] could also be seen in both hemispheres, with decreased intensities.
For trunk imaging, the corresponding cross sections of heart, liver and kidneys are shown in Figs. 3(b)-3(d) , respectively. It can be seen that from the heart region to the kidney region, the cross section diameter gradually increases, which is expected for mouse in the upright position. To improve the cross sectional image of heart region [ Fig. 3(b) ], 10 frames [labeled with red arrows in Fig. 3(g) ] at similar cardiac and respiratory phases were averaged. Because heart is located at the same height of lung, an organ filled with air pockets, blood vessels of the inner heart could not be fully visualized in Fig. 3(b) . However, the image can potentially be improved either by algorithms that account for acoustic reflection at air/tissue interfaces [35, 36] , or by the photoacoustic-guided focused ultrasound to identify and reduce reflection artifacts [37] . We also averaged 10 frames without significant respiratory motions to produce a clearer contrast to contour of blood rich organs and vascular structures in the liver [ Fig.  3(c) ] and kidney [ Fig. 3(d) ] regions.
We also used the system for functional cardiac imaging at 50 Hz frame rate. Visualization 1 shows images acquired over 10 seconds without averaging. Cardiac and respiratory motions can be clearly seen in the Visualization. To quantify the motions, we extracted PA signals along a red line, which goes across the heart region and ribcage in Fig.  3(b) . Then, analogous to M-mode ultrasound, we sequentially stacked the one dimensional PA signals of all the frames to form an M-mode PA image [ Fig. 3(e) ]. In that image, small vibrations (arrow 1) were caused by heartbeat while large vibrations (arrow 2) were caused by respiration. To quantify the rate of the two motions, we tracked the positions of rib cage and heart wall over time [Figs. 3(f) and 3(g) ]. Within the 10 seconds time window, two peaks were identified in Fig. 3(f) while 43 peaks were identified in Fig. 3(g) , indicating approximately 0.2 Hz respiration rate and 4.3 Hz heartbeat rate, which were expected for mice under deep anesthesia [38] . These results clearly prove the high-speed dynamic imaging capacity of the compact laser. 
Human imaging
To demonstrate the feasibility of the laser for human vascular imaging, we first imaged the right arm and left palm of two healthy male volunteers, respectively. With 50 Hz pulse repetition frequency, each 40-mm scan took 8 seconds, which was only one fifth of the imaging time mentioned in our previous study [39] . Photographs of the arm and palm are shown in Figs Figs. 4(b) and 4(d) , we quantified the elevation resolution to be 1.4 mm and 1.5 mm, respectively. These numbers are close to the elevation resolution (1.5 mm) of the transducer at the acoustic focus. We also quantified the SNR of both images using the selected signals [box 1 in Fig. 4(b) and box 3 in Fig. 4(d) ] and noises [box 2 in Fig. 4(b) and box 4 in Fig. 4(b) ]. The SNR was 39 dB for Fig. 4(b) and 36 dB for Fig. 4(d) . We also imaged the right breast of a female volunteer. As shown in Fig. 5(a) , the subject laid supine on a patient bed and the imaging probe was placed on top of the breast. Ultrasound gel was applied as the coupling medium between breast and the imaging window. Figure 5(b) shows the depth-encoded result without averaging, where blood vessels are clearly visible at different depths. Using the signal within box 1 and the noise within box 2 in Fig. 5(b) , we quantified the SNR to be 36 dB. The elevation resolution was also quantified (along the white line) to be 1.5 mm. In this pilot study, we imaged up to 15 mm depth, which is less than the P-Pc detection depth in chicken breast tissue. The shallower depth can be attributed to the low absorption coefficient of human blood, the small breast size (B cup and compressed toward the chest wall), and the low light fluence at the skin surface (14 mJ/cm 2 ). In future studies, we can use a fiber bundle with better coupling efficiency (the current fiber can only couple 50% of light) and perform averaging through respiratory and cardiac gating to improve the imaging depth. Also, because most blood vessels were located within 15 mm of axial depths, we did not use any additional reconstruction methods to further improve the spatial resolution nor contrast ratio. For deep tissue imaging (> 30 mm), we could use our slitbase PACT [40] or coherent-weighted 3D reconstruction [39] to improve the image quality. It should also be noted that our current field of view is limited by the small lateral dimension of the transducer array (38 mm for L7-4). Utilizing a transducer array with a wider lateral dimension, we could potentially image the entire breast at the same imaging speed. This experiment together with the arm and palm experiments clearly demonstrate the clinical imaging capability of the compact laser, indicating its potential in screening upper extremity vascular disorders [41, 42] and breast cancer [43] . Our results demonstrate that a compact laser approach is well suited for PACT applications. By using a 1064 nm contrast agent, the laser provided an imaging depth of 4.1 cm. This result represents the first over 4 cm photoacoustic imaging using a portable light source [27, [44] [45] [46] . The compact laser can also be applied for in vivo animal and human imaging. Compared to flash-lamp-pumped lasers, the compact laser can be easily transported between clinics or operation rooms, and it poses minimal electrical interfaces to other medical devices; these can hardly be achieved by a flash-lamp-pumped laser. A limitation of the laser is the fixed output wavelength, which may preclude certain functional and molecular imaging applications, where spectral separation of photoacoustic signals are needed. However, spectral separation requires quantification of local fluence at each wavelength, which itself is challenging in deep tissue [47] and has only been partially addressed recently through acoustic-optics [48] . Nevertheless, our laser output is sufficient to pump an optical parametric oscillator and can potentially achieve multi-wavelength imaging. In addition, singlewavelength-based functional and molecular imaging approaches have shown promise for various applications. For instance, for functional imaging, the blood flow can be quantified based on thermal tagging of red blood cells [49] , the intestinal motility can be imaged with contrast agents [50] , and the blood oxygenation can be obtained through the saturation-based PA imaging [51] . For molecular imaging, magnetomotive PA [4] and photo-switchable contrast-enhanced PA [52] allow accurate separation of contrast signals with minimum interference from background. All these techniques can potentially be applied to the compact laser system to achieve anatomical, functional and molecular imaging with single wavelength. Currently, the portability of our PACT system is limited by the relatively larger DAQ system (size of a desktop workstation). However, integration with compact ultrasound research systems is feasible. More compact systems are expected to expand the use of PACT and open up research avenues for applications such as bedside clinical imaging, benchtop lab imaging, emergency medicine and mobile healthcare.
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